Introduction
Reliable constitutive models of cardiovascular tissues are desired to gain further insight into the effects of mechanical factors on the pathophysiology of diseases like atheroscleroses, aortic valve calcification and the formation of aneurysms. Models that include microstructural features of tissues provide valuable information about the required functionality of tissue-engineered constructs by comparing the mechanical behavior of the engineered construct and the native tissue. Furthermore, the evolution of the mechanical properties of the tissue-engineered construct can be monitored during culturing in a bioreactor. These models describe the local stress and strain state within the tissue to which the cells are exposed, giving the opportunity to systematically investigate the inter-relation between mechanical conditioning and tissue remodeling. Finally, constitutive models can be beneficial for the efficient design of tissue scaffolds with appropriate mechanical properties.
The mechanical behavior of cardiovascular tissues is nonlinear and anisotropic due to the presence of oriented collagen fibers. In addition, these tissues are generally subjected to biaxial loading conditions. These aspects have to be considered when modeling the mechanical behavior of cardiovascular tissues. In many studies, phenomenological strain-energy functions are used to model the mechanics of load-bearing tissues ͑see ͓1-4͔ for a review͒. These include the application of exponential ͓5,6͔, polynomial ͓7͔ and logarithmic ͓8͔ strain-energy functions. However, these models do not explicitly account for the fiber distribution, while the material constants do not have a direct physical meaning and relatively many parameters are required to obtain an accurate fit. Other studies attempt to describe the mechanical behavior of cardiovascular tissues by incorporating a limited number of fiber directions into their model. In this way, Holzapfel et al. ͓4͔ and Zulliger et al. ͓9͔ present constitutive frameworks for arterial wall mechanics. Christie and Medland ͓10͔, Li et al. ͓11͔, Luo et al. ͓12͔ and de Hart et al. ͓13, 14͔ employ this strategy to model the anisotropic behavior of heart valves. Humphrey ͓15͔, use a limited number of fiber directions to study collagen remodeling in cardiovascular and other soft tissues. However, measurements demonstrate that multiple fiber directions are present in cardiovascular tissues ͓20-22͔. In addition, Billiar and Sacks ͓23,24͔ demonstrate that incorporating the angular distribution of fibers is essential to explain the complex mechanical behavior of aortic valves. They present a constitutive model based on work by Lanir ͓25,26͔ that accounts for the angular distribution of fibers. In this way they are able to simulate the measured biaxial stress-strain relationships of aortic valves. These models are also used to describe the mechanical behavior of pericardium ͓27-29͔. Humphrey and Yin ͓30͔ employ a similar structural approach to describe the biaxial properties of visceral pleura and myocardium. However, in these studies, the models are usually applied to study only homogeneous deformations of planar tissues. Other approaches make use of a fiber orientation tensor to describe the fiber architecture, but these formulations are restricted to ellipsoidal distributions ͓31,32͔.
In this study, a structural constitutive law is presented that incorporates the angular distribution of collagen fibers present in cardiovascular tissues. The theory extends the model of Holzapfel et al. ͓4͔ with a fiber volume fraction ͓33͔ to describe the relative amount of fibers present in each direction. The results of Holzapfel et al. ͓4,21͔ and Billiar and Sacks ͓23,24͔ are used as input for the model and the theory is subsequently applied to study the mechanical behavior of the arterial wall and the closed aortic valve.
Methods
2.1 Constitutive Law. The arterial wall and aortic valve are modeled as incompressible fiber reinforced materials. A constitutive model for these transversely isotropic materials is described by Holzapfel et al. ͓4͔ . The Cauchy stress ͑͒ for an incompressible material is written as:
where p is the hydrostatic pressure, I the unity tensor and the extra stress resulting from deformations. The collagen fibers are modeled as a one-dimensional material, exerting only stresses in the fiber direction ͑e ជ f ͒. The extra stress is written as:
with the isotropic matrix stress, f the fiber stress and f the fiber stretch. The left Cauchy-Green deformation tensor ͑B͒ is calculated from B = F · F T , with F the deformation gradient tensor. The isotropic matrix is assumed to represent the contribution of all matrix components ͑e.g., elastin, cells and proteoglycans͒, except the collagen fibers, and is modeled as a Neo-Hookean material with a shear modulus G:
Assuming that the matrix and the fibers undergo the same ͑i.e., affine͒ deformation, the fiber direction in the deformed configuration ͑e ជ f ͒ is determined from the fiber direction in the undeformed configuration ͑e ជ f 0 ͒:
The fiber stretch is calculated from:
͑5͒
with C = F T · F the right Cauchy-Green deformation tensor. The constitutive equation ͓Eq. ͑2͔͒ does not provide a parameter to describe the amount of fibers present in the material. Such a quantity ͑e.g., a fiber volume fraction͒ is desirable when modeling the fiber distributions that are present in biological tissues and it can be used to incorporate structural information into the constitutive law. The fiber volume fraction ͑ f ͒, defined as the ratio of the volume occupied by the fibers and the total volume of the material, is introduced by van Oijen ͓33͔ and Eq. ͑2͒ is extended to:
This equation is basically obtained by applying the rule of mixtures, stating that the matrix and fiber constituent contribute to the total material behavior in the same proportion as their relative amounts ͑i.e., volume fractions͒. From Eq. ͑6͒ it can be seen that this rule of mixtures is applied to the extra stress ͑͒ in the direction of the fiber ͑e ជ f ͒. In other words, in the direction of the fiber, the fiber stress ͑ f ͒ and matrix stress ͑ ͒ contribute to the extra stress with fractions f and ͑1− f ͒, respectively:
On the other hand, it is assumed that the presence of fibers does not affect the transversal properties of the tissue, as the fibers are modeled as a one-dimensional material ͓33͔. That is, the extra stress in any direction a ជ perpendicular to e ជ f is defined by the matrix stress:
can be extended to account for multiple fiber directions ͑N͒ by assuming that there is no interaction between the fiber layers:
͑9͒
Note that Eq. ͑9͒ provides the opportunity to incorporate experimentally measured fiber distributions by relating these distributions to an appropriate set of parameters f and e ជ f 0 . In addition, the mechanical behavior of the collagen fibers ͑ f ͑ f 2 ͒͒ has to be specified in order to complete the constitutive framework. It is known that the collagen fibers are undulated and wavy in their unloaded configuration. When the applied load increases there is a gradual straightening ͑recruitment͒ of collagen fibers, which explains their characteristic nonlinear stress-stretch relationship. These phenomena are modeled by Lanir ͓25,26͔, Zioupos and Barbenel ͓28͔, Sacks ͓29͔, Hurschler et al. ͓34͔ and Zulliger et al. ͓9͔ . However, according to Holzapfel et al. ͓4͔ and Billiar and Sacks ͓24͔, we use an effective stress-stretch relation to describe the behavior of the fibers and assume that the fibers are unable to withstand compressive forces ͑i.e., f = 0 when f Ͻ 1͒.
Balance Equations.
Neglecting body forces and inertia, the balance equations for the conservation of momentum and mass for an incompressible solid read as:
where J = det͑F͒ represents the volume change between the undeformed, stress-free configuration and the deformed configuration.
Arterial Wall.
To describe the kinematics and to solve the balance equations for an artery subjected to combined bending, inflation and extension, we use the procedure described by Holzapfel et al. ͓4͔ . The geometry of the undeformed stress-free reference configuration ͑Fig. 1͒ is, in cylindrical coordinates ͑R , ⌰ , Z͒, defined by:
with R i and R o the inner and outer radius, ␣ the opening angle and L the length of the tube. In terms of cylindrical coordinates ͑r , , z͒, the geometry of the deformed configuration is subsequently described by:
with r i the inner radius, r o the outer radius and l the length of the deformed tube. Using the assumption of incompressibility, the cylindrical coordinates ͑r , , z͒ can be written as ͓4͔:
͑14͒
Then it is convenient to define the ͑principal͒ stretch ratios in the radial ͑ r ͒, circumferential ͑ ͒ and axial direction ͑ z ͒:
Note that r z = 1, consistent with the incompressibility condition ͓Eq. ͑11͔͒. Integrating the radial component of the equation for conservation of momentum ͓Eq. ͑10͔͒, using the boundary conditions rr ͑r = r o ͒ = 0 and rr ͑r = r i ͒ =−p i , yields: 
with p i the internal lumen pressure. Then, assuming ␣ and z are given, the deformation resulting from bending, inflation and extension of the tube can be determined by solving Eq. ͑16͒. Furthermore, the axial force F z required to maintain the axial stretch during inflation is given by:
Aortic Valve.
To solve the balance equations for the aortic valve, which is loaded with a transvalvular diastolic pressure, a finite element ͑FE͒ formulation is derived ͓35͔. The weak form of the balance equations is obtained using a weighted residual formulation, followed by partial integration. An updated Lagrange formulation is employed and a full Newton-Raphson iteration process is used to find approximate solutions of the nonlinear balance equations. After linearization, the ͑Bubnov͒ Galerkin method is chosen for spatial discretization of the weighting functions and the error in the displacement and pressure field. A mixed formulation is used to account for incompressibility of the material. To fulfill the Babuska-Brezzi condition, the interpolation functions for the displacement unknowns are chosen one order higher than those of the pressure unknowns. In this study, the displacements are interpolated with quadratic functions and consequently a linear interpolation is used for the pressure unknowns. A Taylor-Hood element with continuous pressure interpolation is chosen and the computational framework is implemented in the software package SEPRAN ͓36͔. For details on the linearization of the structural constitutive equations and the derivation of the discrete set of linearized equations, the reader is referred to van Oijen ͓33͔, van de Vosse et al. ͓37͔ and de Hart ͓38͔.
Geometry and Boundary Conditions.

Arterial Wall.
The arterial wall is modeled as a twolayer thick-walled cylinder ͑Fig. 1͒, consisting of the media ͑M͒ and adventitia ͑A͒. The geometrical parameters and boundary conditions used in this study are taken from Holzapfel et al. ͓4͔, based on experimental data from a rabbit carotid artery ͓5,6͔. The inner radius in the undeformed configuration ͑R i ͒ is 0.71 mm and the thickness of the media ͑h M ͒ and adventitia ͑h A ͒ are 0.26 mm and 0.13 mm, respectively. An axial prestretch ͑ z ͒ of 1.7 is used, whereas the opening angle ͑␣͒ is set to 0°. The artery is subsequently inflated with a maximum internal pressure ͑p i ͒ of 21.33 kPa.
Aortic Valve.
In this study a stented valve geometry is used and only the closed configuration of the valve is considered. The finite element mesh of the leaflets ͑Fig. 2͒ is obtained from de Hart ͓38͔ and because of symmetry only 1 / 6 of the valve is used in the finite element computations. This part of the leaflet is discretized using 224 hexahedral elements. The configuration shown in Fig. 2 is assumed to be the initial, stress-free state of the valve. The radius of the leaflet ͑R͒ is set to 12 mm and based on measurements obtained from the belly region of the valve ͓23͔, a thickness ͑h͒ of 0.46 mm is used. Although Luo et al. ͓12͔ demonstrated the importance and significance of variations in the leaflet's thickness, we adopt a uniform thickness. At the symmetry edge, nodal displacements in the normal direction are suppressed ͑Fig. 3͒. With respect to the fixed edge, nodal displacements are suppressed only at the bottom curve so that rotations are allowed on this boundary ͓11,12͔. At the free edge, a contact surface is defined ͓y = tan͑30°͒x͔ to model contact between the leaflets ͑i.e., coaptation͒ using the Lagrange multiplier method ͓35͔. To model the diastolic pressure difference over the valve, a uniform pressure p of 12 kPa is applied to the aortic side of the leaflets.
Modeling the Fiber
Architecture. In order to model the experimentally measured fiber distributions, we have to construct a set of fiber directions ͑e ជ f 0 ͒ and fiber contents ͑ f ͒. For that purpose, the fiber directions are defined with respect to a local coordinate system spanned by the vectors v ជ 1 , v ជ 2 and v ជ 3 . The fiber direction in the undeformed configuration is subsequently written as:
where ␤ is defined with respect to v ជ 3 and ␥ with respect to v ជ 1 in the plane spanned by v ជ 1 and v ជ 2 ͑Fig. 4͒. In this way it is possible to model three-dimensional fiber distributions by specifying appropriate values for the fiber contents ͓ f ͑␤ , ␥͔͒. However, we limit our model to planar fiber distributions by setting ␤ = 90°. Based on measurements by Holzapfel et al. ͓21͔ and Sacks et al. ͓22͔, we use a ͑discretized͒ normal probability distribution function for the fiber contents:
with and the mean value and standard deviation of the fiber distribution, respectively. The scaling factor A is defined such that the total amount of fibers equals tot : Fig. 2 Finite element mesh of the stented valve geometry. Because of symmetry only one half of a leaflet is used in the FE computations. This part of the geometry is subdivided into 224 hexahedral elements with 2847 nodes. The stent, a frame on which the valve is mounted to provide support for the leaflets, is assumed to be rigid. 
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In this study, an angular resolution of 3°is used and tot is set to 0.5 ͓11͔. Note that only the parameters v ជ 1 , v ជ 2 , tot , and are needed to construct the entire fiber distribution for each point in 3D space. It is emphasized that the theory is not limited to normal probability distributions and that more general ͑periodic͒ functions can be used to model the fiber distribution ͓27͔.
Arterial Wall.
For the fiber distribution in the arterial wall, we assume that the local directions v ជ 1 , v ជ 2 and v ជ 3 coincide with the circumferential, axial and radial direction, respectively. This implies that the fibers are distributed in the ͑ , z͒ plane, whereas ␥ denotes the angle with the circumferential direction. Based on the studies of Holzapfel et al. ͓4,21͔, we use two fiber distributions for each location in the arterial wall. For the media, we assume 1 M =− 2 M = 30°and 1 M = 2 M = 10°. For the adventitia, on the other hand, 1 A =− 2 A = 60°and 1 A = 2 A = 10°is used. The construction of the fiber distributions is schematically shown in Fig. 5 . Note that the fibers represent symmetrically arranged helices and as a result material symmetry is preserved. Boerboom et al. ͓16͔ and Driessen et al. ͓17͔ noted that the main fiber directions in the aortic valve, as measured by Sacks et al. ͓39͔ with SALS, coincide with the principal stretch directions in an isotropic leaflet. Therefore, we choose v ជ 1 to coincide with these principal stretch directions. In addition, we assume that the fiber directions do not have a component in the normal direction of the leaflet ͑i.e., v ជ 3 = n ជ͒. In other words, the fibers are distributed in the plane of the leaflet. The second local direction ͑v ជ 2 ͒ is subsequently constructed perpendicular to v ជ 1 and v ជ 3 ͑i.e., v ជ 2 = v ជ 3 ϫ v ជ 1 ͒. Based on measurements and analyses of Billiar and Sacks ͓23,24͔, we use one single fiber distribution with = 0°and = 16.1°͑see "mean 0 mm Hg fixed" from Table 1 in the study of Billiar and Sacks ͓24͔͒. These fiber distributions are schematically represented in Fig. 6 . Note that the main fiber directions are also consistent with observations by Sauren ͓40͔ and with the modeled fiber orientations in the study of Luo et al. ͓12͔. As appropriate experimental data about the local fiber distributions is currently not available, we use a homogeneous value for for the entire leaflet.
Aortic Valve.
Material Parameters.
Arterial Wall.
To specify the material parameters for the arterial wall, we use the results from the study of Holzapfel et al. ͓4͔ , who fitted their model parameters to experimental data from Fung et al. ͓5͔ . Based on their model, the following constitutive equation is used for the fibers in the media and adventitia:
with k 1 j and k 2 j material parameters for the media ͑j = M͒ and adventitia ͑j = A͒. Table 1 .
Aortic Valve.
The biaxial experimental results and model studies of Billiar and Sacks ͓23,24͔ provide excellent data to determine the material parameters of our model. However, their model does not account for a hydrostatic pressure or matrix stress because these are assumed to be negligible when compared to the fiber stresses. In our model, on the other hand, the contribution of the matrix material is necessary to prevent the presence of zeroenergy modes ͑i.e., modes of deformation which have zero strain energy͒, which are obviously unstable. In other words, a matrix material is required to enable the aortic valve to bear the transvalvular pressure difference. Therefore we use a small value for the shear modulus ͑G leaflet = 10 kPa͒ which only slightly affects the mechanical behavior of the valve leaflets ͑see sec. 4͒. Based on the effective stress-strain curve of Billiar and Sacks ͓24͔, we use the following expression for the fiber stress:
A direct comparison of their model with our constitutive equation, neglecting matrix stresses and hydrostatic pressures, gives the opportunity to calculate k 1 and k 2 from their fiber parameters A* and B : k 1 = A * /͑h tot ͒ and k 2 = B / 2. Using the mean results for the 0 mm Hg fixed leaflets ͑A * = 1.23 N / m and B = 11.7͓−͔; see "mean 0 mm Hg fixed" from Table 1 in the study of Billiar and Sacks ͓24͔, we find k 1 = 5.35 kPa and k 2 = 5.85͓−͔. The parameter values for the aortic valve are summarized in Table 2 .
Analyses and Parameter Variations.
Arterial Wall.
During inflation of the artery, the inner radius ͑r i ͒ and the axial force ͑F z ͒ are calculated. In addition, the principal Cauchy stresses ͑ rr , and zz ͒ are displayed as a function of the deformed radius ͑r͒. To investigate the effects of a more uniform fiber distribution, the standard deviation is increased from 10°to 40°͑for both the media and adventitia͒. Moreover, to study the effects of a more circumferential orientation of the fibers, the mean values of the probability distributions are divided by a factor 2 ͑i.e.,
To analyze the influence of residual stresses on the mechanical response of the arterial wall, the opening angle ␣ is set to 160°͑Table 3͒. In this case, R i = 1.43 mm is used to achieve that the unloaded configurations for the situations with and without residual stresses are the same ͓4͔.
Aortic Valve.
During the pressure application the evolution of the leaflet's symmetry line ͑x = 0 cm in Fig. 2͒ is monitored. In addition, the radial and circumferential stresses ͑ r and c ͒ as well as the radial and circumferential stretches ͑ r and c ͒ are recorded for a node in the belly region. Finally, the maximum principal stretches and stresses on the aortic side of the leaflet are shown at p = 12 kPa. To investigate the effect of different fiber parameters ͑Table 4͒, we also perform simulations with ͑1͒ k 1 = 55.3 kPa, k 2 = 5.75͓−͔ and = 14.9°and ͑2͒ k 1 = 0.7 kPa, k 2 = 9.90͓−͔ and = 10.7°, ͑see "mean 4 mm Hg fixed" and "native 11" from Table 1 in the study of Billiar and Sacks ͓24͔͒.
Results
Arterial Wall.
The pressure-radius curves in Fig. 7͑a͒ show the typical sigma-shaped form observed in experimental studies; especially in the high pressure domain, the compliance of the arterial wall decreases rapidly because the mechanical response at higher loads is mainly dominated by the ͑nonlinear͒ collagen fibers. The presence of residual stresses has a clear effect on the simulated response by increasing the compliance of the arterial wall. Remarkably, the pressure-radius curves obtained with the different parameters for the fiber architecture are quite similar. Because of an increased alignment of the fibers with the circumferential direction, the artery with the reduced values for is slightly stiffer than the standard case at relatively high pressures. The artery with an increased value for the standard deviation , on the other hand, is slightly more compliant than the standard case at higher pressures. The magnitudes of the axial force for the residually stressed wall are comparable to those obtained in the situation without the residual stresses ͓Fig. 7͑b͔͒. Decreasing the mean values of the fiber distributions ͑͒ results in axial forces smaller than those obtained with the standard values of . This is caused by the fact that in case of the reduced value for , less fibers are oriented in the axial direction. For the increased value of the standard deviation , on the other hand, increased axial forces are recorded because more fibers are oriented axially. Apparently the axial forces are more sensitive to changes in the fiber distribution ͑i.e., and ͒ than the pressure-radius relationships are. Therefore, measuring and incorporating the axial forces in the fitting process appears to be essential in order to obtain a reliable set of model parameters. Note that from these curves a pronounced coupling between the axial and circumferential direction is evident; e.g., the forces required to maintain the axial pre-stretch depend strongly on the loading condition in the circumferential direction. On the other hand, the artery's compliance at relatively low pressures depends on the fiber strains resulting from the axial prestretch.
The principal Cauchy stresses as a function of the deformed radius are shown in Fig. 8 . Note that the circumferential and axial stresses are discontinuous at the media-adventitia interface as a result of a discontinuity in the material parameters. The main difference with the curves obtained by Holzapfel et al. ͓4͔ is the fact that our curves exhibit a drop in the axial stresses at the mediaadventitia interface, whereas they predict an increase. As is the case for the axial forces, the axial Cauchy stresses are sensitive to changes in the fiber distribution. The presence of residual stresses decreases both the maximum values and the gradients of the circumferential and axial stresses. 
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Transactions of the ASME 3.2 Aortic Valve. The evolution of the leaflet's symmetry line during pressure application is shown in Fig. 9 . Due to higher fiber stiffnesses, the deformations of the 4 mm Hg fixed valve ͓Fig. 9͑b͔͒ are obviously smaller than those of the 0 mm Hg fixed ͓Fig. 9͑a͔͒ and native valve ͓Fig. 9͑c͔͒. The deformed configurations of the 0 mm Hg fixed valve and the native valve are quite similar at a pressure of p = 12 kPa. However, the evolution of their symmetry lines is different, especially at relatively low pressures.
The circumferential and radial stress-stretch curves in Fig. 10 demonstrate the complex in-plane biaxial mechanical behavior of the leaflets, as reported and discussed by Billiar and Sacks ͓23,24͔. In this figure, the evolution of j and j ͑j = r , c͒ during pressure application is shown for a node in the leaflet's belly region. Note that the ratio of the circumferential and radial stresses ͑ c and r ͒ is approximately 4, implying a nonequibiaxial loading condition. The curves clearly demonstrate the anisotropic mechanical behavior of the leaflets: the leaflet is less compliant in the circumferential direction ͑i.e., along the fiber direction͒ than in the radial direction ͑i.e., perpendicular to the fiber direction͒, especially at higher loads. In addition, the mechanical behavior of the leaflets is nonlinear as a result of the exponential constitutive law for the collagen fibers to model uncrimping and recruitment of collagen fibers with increasing loads. For the native leaflet ͓Fig. 10͑c͔͒ there is a clear transition between the low and high modulus region caused by a relatively low value for k 1 and a high value for k 2 . The transition region is less clear for the fixed leaflets ͓Fig. 10͑a͒ and 10͑b͔͒. Moreover, the mechanical coupling between the loading directions can be seen. "Locking" of the collagen fibers in the circumferential direction ͑i.e., a rapid increase in stiffness͒ occurs whereas the radial stretches increase rapidly. According to Billiar and Sacks ͓23͔, these large radial deformations are ultimately limited by rotation of the predominantly circumferentialoriented fibers ͑i.e., there is a realignment of fibers towards the direction of stretch͒.
The maximum principal stretches ͑left͒ and Cauchy stresses ͑right͒ on the aortic side of the leaflet at p = 12 kPa are shown in Fig. 11 . The largest principal stretches are found in the native leaflet ͓Fig. 11͑c͔͒, whereas the smallest principal stretches are present in the 4 mm Hg fixed leaflet ͓Fig. 11͑b͔͒. The maximum principal Cauchy stresses in the 0 mm Hg fixed ͓Fig. 11͑a͔͒ and native leaflet ͓Fig. 11͑c͔͒ are similar. The principal stresses in the 4 mm Hg fixed leaflet ͓Fig. 11͑b͔͒, on the other hand, are smaller. Note that the patterns of the principal stretch as well as the principal stress are similar for the three cases considered. This is thought to be caused by the fact that the main fiber directions ͑i.e., v ជ 1 in Fig. 6͒ are identical for the three situations. However, due to different fiber parameters, the magnitudes of the stretches and stresses differ. Note that the presented principal stresses differ from those calculated by Li et al. ͓11͔ and Luo et al. ͓12͔ . This is probably caused by the fact that in their models the elastic moduli are estimated from uniaxial experiments and coupling between the radial and circumferential direction is absent. In addition, a different valve geometry is used in our study.
Discussion
In this study, a constitutive model for the mechanical behavior of collagenous cardiovascular tissues is presented. Contrary to previous models the current model is structurally based and incorporates the angular distribution of fibers present in the tissues. In addition, the model is suitable for finite element implementation to solve complex three-dimensional boundary value problems. The model is extended from a recently published constitutive framework for arterial wall mechanics ͓4͔. The angular fiber distribution is modeled with a normal probability function and a fiber volume fraction is used the describe the relative amount of fibers present in each direction ͓33͔. The theory is applied to study the mechanical behavior of the arterial wall and aortic valve. The simulated pressure-radius relationships show the experimentally observed sigma-shaped form ͓Fig. 7͑a͔͒. The axial forces, which are required to maintain the axial prestretch, are sensitive to changes in the fiber distribution ͓Fig. 7͑b͔͒. The radial and circumferential stress-stretch curves show that the complex biaxial behavior of the aortic valve can be simulated with the proposed model ͑Fig. 10͒. These simulated curves, obtained during a pressure application to the aortic valve, clearly demonstrate the nonlinear and anisotropic mechanical behavior of the leaflets.
The general response of these cardiovascular tissues can probably also be ͑partly͒ predicted with simpler phenomenological models ͓5-8͔. However, with the presented model, ambiguities in material characterization can be avoided because structural information is directly incorporated into the model ͓24,29͔. In addition, structural models give insight into the underlying mechanisms of the tissue's biaxial behavior. Compared to models that use a lim- ig. 7 Internal pressure p i "a… and axial force F z "b… as a function of the inner radius r i during inflation of the artery. The axial force is calculated using Eq. "17….
ited number of fiber directions ͓4,9-19͔, considering the angular ͑e.g., Gaussian͒ distribution of fibers is more morphologically/ histologically realistic. Finally, it turns out that incorporating the fiber distribution is required for a complete and accurate description of the measured biaxial response of the tissues ͓24,29,41͔.
The fiber parameters in the constitutive law for the arterial wall were determined by fitting the pressure-radius curves and axial forces to the results of Holzapfel et al. ͓4͔. To further validate the model, it obviously has to be tested against additional ͑experimen-tal͒ data, preferably obtained using different multiaxial loading protocols ͑e.g., by measuring the mechanical response at various axial prestretches ͓9͔͒ to cover a wide range of deformations. Based on the assumption that the mechanical contribution of the hydrostatic pressure and the matrix is negligible, Billiar and Sacks ͓24͔ model the contribution of only the fibers to the leaflet's mechanical response. In our model, however, the hydrostatic pressure is present because of the assumption of incompressibility. In addition, matrix properties have to be introduced in order to be able to apply the diastolic pressure in the finite element simulations of the aortic valve. The presence of the hydrostatic pressure and matrix properties influences the ͑relative͒ contribution of the fibers to the total mechanical behavior of the aortic valve. To quantify these contributions to the total Cauchy stress, an equibiaxial test ͑ c = r = 400 kPa͒ is simulated using the parameters for the 0 mm Hg fixed leaflet ͑Table 2͒. From these curves ͑Fig. 12͒, it can be seen that the addition of the hydrostatic pressure and matrix stress only slightly affects the tissue's response. In the circumferential direction, the fibers account for 91% and 97% of the total stress at = 100 kPa and = 400 kPa, respectively, whereas this is 77% and 92% in the radial direction.
For the mechanical behavior of the isotropic matrix, we adopt a linear elastic ͑i.e., neo-Hookean͒ model. However, Zulliger et al. ͓9͔ argue that a nonlinear model for the ͑elastin͒ matrix is more appropriate. Although Vesely ͓42͔ demonstrates the importance of elastin in the mechanical behavior of the aortic valve, our model did not explicitly account for the presence of elastin fibers. Therefore, incorporating the mechanical behavior of elastin fibers probably improves the model. Finally, by using an elastic constitutive law the viscous properties of the arterial wall ͓21͔ and the aortic valve ͓43͔ are omitted.
In our model, descriptions of collagen uncrimping and fiber recruitment with increasing loads ͓25,26͔ are avoided. Instead, an effective stress-strain relationship for the mechanical behavior of the fibers is used. An other expression for the constitutive law of the fibers may be necessary, e.g. to model the behavior of the native leaflets more accurately ͓24͔. Fiber recruitment can be in- corporated into the model by introducing a distribution function for the engagement strain of the collagen fibers. Moreover, we assume that the fibers and the matrix undergo the same deformation, whereas fiber kinematics in planar tissues are to some extent non-affine ͓44͔.
Although Billiar and Sacks ͓23͔ point out regional variations in the mechanical response of the leaflets, we use homogeneous fiber properties ͑e.g., stiffness, content and distribution function͒. Additional experimental data are required to reveal the local properties of the leaflets. The feasibility of measuring the local mechanical properties with a compression device ͓45͔ needs further investigation. In addition, regional cusp analyses ͓22͔ can be used to determine the local fiber distributions. Although it is known that the layers of the aortic valve have different compositions ͓46͔ and different mechanical properties ͓47͔, we ignored the leaflet's layered structure in our model. In other words, we assumed homogeneous material properties through the entire thickness of the leaflet. An alternative approach could be to model only the fibrosa as this is considered to be the main load-bearing layer of the leaflet ͓48͔. With respect to the arterial wall, we assume a planar fiber distribution in the axial-circumferential plane. However, three-dimensional measurements of the collagen organization in brain arteries reveals the presence of a ͑small͒ component in the radial direction ͓20͔.
When studying the mechanical response of highly nonlinear and anisotropic materials, an appropriate definition of the reference configuration is a difficult and important task. We assume that the initial configuration of the aortic valve ͑Fig. 2͒ is stressfree. However, Vesely ͓49͔ points out that the layers of the valve are prestressed by virtue of their attachment; the ventricularis and fibrosa are under tension and compression, respectively. In addition, it is questionable whether the reference configurations of the isolated specimens in the study of Billiar and Sacks ͓23͔ mimic the in vivo situation. For the artery, the presence of residual stresses ͑modeled with an opening angle, Fig. 1͒ has a clear effect on the mechanical behavior by increasing the arterial compliance and by homogenizing the stress distribution through the arterial wall ͑Fig. 8͒, as reported previously ͓4,50͔.
Despite its limitations, the presented model offers strong possibilities to further study mechanically induced collagen remodeling in cardiovascular tissues, e.g. by relating fiber turnover and reorientation to the mechanical loading condition within the construct ͓15-19͔. To the best of our knowledge, the finite element simulations with the aortic valve are the first that take into account the biaxial properties of the leaflet by incorporating the angular distribution of fibers. The model can be employed to further investigate the complex mechanical behavior of the aortic valve, e.g., by incorporating the aortic root or simulating the systolic phase of the heart cycle ͓14͔. Moreover, the applications of the current model are not limited to the arterial wall and aortic valve. We expect that the model can be used to describe the biaxial mechanical behavior of other load-bearing fibrous tissues, such as the bladder wall ͓51͔, pericardium ͓29,52͔, intestinal submucosa ͓53͔ and myocardium ͓54͔. 
